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INTRODUCTION 


Background 

Breast  cancer  is  the  most  common  malignant  neoplasm  and  the  leading  cause  of 
cancer  deaths  for  women  in  the  United  States.  Clinical  requirements  for  early  detection 
of  breast  cancer  include  detection  of  subtle  architectural  distortion,  masses  with  densities 
very  close  to  normal  tissue  and  skin  thickening.  It  is  also  important  to  detect 
microcalcifications  which  are  specks  of  calcium  hydroxyapatite  [CajCPO^ljOH]  and 
which  may  have  diameters  as  small  as  0.1  mm. 

Screen-film  mammography  is  the  only  reliable  means  of  detecting  nonpalpable 
cancers  at  present.  Early  detection  with  screening  mammography  has  been  shown  to 
significantly  reduce  breast  cancer  mortality  rates  for  women  over  age  50.  However, 
there  are  four  major  technical  limitations  which  reduce  the  accuracy  of  screen-film 
mammography:  (1)  The  shape  of  the  film's  characteristic  curve  necessitates  a 
compromise  between  display  contrast  and  exposure  latitude  [1].  (2)  The  presence  of  film 
granularity  significantly  reduces  the  signal-to-noise  ratio  (SNR)  of  the  displayed  image, 
and  especially  degrades  the  system's  ability  to  demonstrate  microcalcification  [2,3].  (3) 
Scattered  radiation  greatly  reduces  the  displayed  contrast  and  SNR.  Conventional  scatter 
rejection  techniques  using  grids  can  lead  to  a  factor  of  2  to  4  increase  in  mean  glandular 
dose  [4-8].  (4)  There  is  a  tradeoff  between  screen  absorption  efficiency  and  spatial 
resolution  [2].  (5)  It  is  difficult  to  retrieve  old  mammograms  for  comparison  due  to  the 
massive  archive  of  hardcopy  films. 

Digital  mammography  has  the  potential  to  overcome  the  limitations  of  screen- 
film  mammography  and  to  improve  the  sensitivity  and  specificity  of  breast  cancer 
detection.  The  decoupling  of  image  acquisition,  storage,  and  display  stages  allows  the 
optimization  of  each  stage.  Digital  mammography  also  provides  additional  benefits 
including  digital  archive,  computed  assisted  diagnosis  and  teleradiology. 

The  technical  requirements  for  digital  mammography  are  extremely  demanding. 
A  number  of  ROC  studies  [9,10]  have  been  performed  to  study  the  resolution 
requirement  for  digital  mammography  by  digitizing  screen-film  mammograms  with  ~ 
100  pm  pixel  size.  Almost  all  these  studies  suggested  that  differentiation  of  benign  from 
malignant  cases  always  decreased  because  of  the  large  pixel  sizes  used.  The  ROC  study 
by  Chan  et  al  [11]  demonstrated  that  very  high  spatial  resolution  (a  pixel  size  of  0.035 
mm  X  0.035  mm  or  smaller)  will  be  required  for  digital  mammography  in  order  to 
capture  the  very  subtle  microcalcifications  detectable  on  screen-film  mammograms. 

The  dynamic  range  requirement  of  a  digital  mammography  system  depends  on 
the  x-ray  energy  spectra,  scattered  radiation,  breast  thickness  and  composition.  For  both 
molybdenum  (Mo)  target  and  tungsten  (W)  target  spectra,  a  number  of  phantom  and 
clinical  studies  have  shown  that  the  maximum  intensity  to  minimum  intensity  ratio  in  the 
distribution  of  x-ray  exposure  transmitted  by  the  breast  ranges  from  10  to  about  400 
without  and  with  the  presence  of  scattered  radiation  [12,13].  Any  digital  mammography 
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system  with  scatter  rejection  should  have  a  linear  response  over  400:1  of  maximum  to 
minimum  x-ray  transmission  ratio. 

Current  Approaches  to  Digital  Mammography 

To  realize  the  benefits  of  digital  mammography,  x-ray  imaging  detector  with 
appropriate  characteristics  must  be  developed.  Various  configurations  for  the  acquisition 
of  digital  mammograms  have  been  proposed  [1,14-17]:  (a)  different  detector  geometry 
such  as  area,  point,  line,  and  slot,  (b)  different  x-ray  detectors  such  as  digitized  film, 
photostimulable  phosphor,  amorphous  selenium,  and  traditional  phosphor  screens 
optically  coupled  to  charge-coupled  devices  (CCDs). 

Point  and  line  detector  geometries  are  almost  impossible  to  use  because  of  the 
extremely  high  x-ray  tube  loading  and  long  imaging  time  which  may  require.  Computed 
radiography  (CR)  systems  using  photostimulable  phosphor  have  limited  applications 
because  of  its  low  resolution  (  <  10  Ip/mm)  performance.  CR  systems  based  on  selenium 
detector  has  the  potential  to  achieve  very  high  detective  quantum  efficiency  (DQE),  and 
is  being  evaluated  clinically  for  thoracic  imaging  with  limiting  detector  resolution  of  less 
than  3  Ip/mm  [18,19].  It  is  questionable  that  very  high  spatial  resolution  will  be  obtained 
with  selenium  detectors.  Also,  CR  systems  using  selenium  detector  may  be  too  expensive 
to  compete  with  screen-film  mammography  for  general  breast  cancer  screening. 

At  present,  the  most  promising  detector  is  shown  to  be  a  rare-earth  phosphor  slot 
screen  coupled  by  tapered  fiber  optic  image  guide  to  CCDs,  which  are  operated  in  the 
time-delayed  integration  (TDI)  mode  while  the  slot  detector  is  scanned  [1,17].  Zero 
spatial  frequency  detective  quantum  efficiency  (DQE)  of  a  phosphor-CCD  system  is 
measured  to  be  ~  60%,  this  is  to  be  compared  to  that  of  ~  30%  for  screen-film 
combinations  [20].  However,  there  are  intrinsic  limitations  of  this  system  which  mainly 
stem  from  the  use  of  phosphor:  (1)  Using  a  phosphor  coupled  to  a  CCD  via  a  fiber  optic 
image  guide  will  inevitably  reduce  the  spatial  resolution  compared  to  modern  screen-film 
mammography,  for  which  a  single  emulsion  film  is  used  in  combination  with  a  single 
back-intensifying  screen.  (2)  The  phosphor  screen  is  made  of  Gd202S:Tb.  The  afterglow 
(slow  scintillation  decaying  component)  nature  of  this  phosphor  will  likely  prevent  its 
use  for  fast  scanning  applications  [21].  The  image  acquisition  time  for  each  detector  pixel 
in  TDI  mode  scanning  is  about  1  msec  (50  |im  detector  moving  at  5  cm/sec  to  cover  20 
cm  length  in  4  seconds).  During  the  1  msec  exposure  time,  Gd202S:Tb  phosphor  emits 
only  47%  of  its  total  scintillation  light.  The  rest  of  the  scintillation  light  will  spread  to 
adjacent  pixels  while  the  charges  in  the  CCD  pixels  are  integrated  along  the  entire  TDI 
column.  This  will  significantly  reduce  image  contrast  and  detector  modulation  transfer 
function  (MTF)  at  all  spatial  frequencies. 

In  summary,  the  reported  limiting  spatial  resolutions  are  less  than  10  Ip/mm  for 
most  digital  mammographic  imaging  systems  being  developed. 
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Purpose  Of  The  Present  Work  And  The  Method  Of  Approach 

The  primary  goal  of  this  predoctoral  fellowship  research  project  is  to  develop  a 
plastic  scintillating  fiber  plate  (SFP)  and  methods  to  maximize  its  scintillation  light 
generation  and  output  to  replace  conventional  phosphor  screens  as  currently  being  used 
in  the  phosphor-CCD  slot  scanning  digital  mammography  system.  A  prototype  scanning 
slot  digital  mammography  detector  based  on  this  SFP  shall  be  constructed,  and  its 
imaging  performance  shall  be  evaluated. 

We  have  shotvn  that  the  use  of  a  plastic  scintillating  fiber  plate  (SFP)  as  the  x- 
ray-to-light  converter  permits  a  better  compromise  between  spatial  resolution  and  x-ray 
absorption  efficiency  than  traditional  phosphor  screens  [22].  An  x-ray  imaging  SFP  is  an 
array  of  scintillating  fibers  aligned  together  with  their  axis  parallel  to  the  direction  of 
incident  x-ray  beams.  SFPs  incorporate  scintillation  material  within  each  fiber  core.  A 
fraction  of  the  light  from  scintillation  is  trapped  in  the  fiber  where  it  is  generated, 
preserving  the  spatial  resolution  by  minimizing  light  dispersion  within  the  plate  as  shown 
in  Figure  1.  A  thicker  plate  can  therefore  be  used  to  increase  the  x-ray  absorption 
efficiency  without  degrading  the  spatial  resolution. 

In  order  to  increase  the  x-ray  absorption  efficiency  and  energy  conversion 
efficiency,  we  proposed  to  incorporating  a  small  amount  of  tin  (~  10%  by  weight)  into 
the  core  of  plastic  microfibers.  To  improve  the  scintillation  light  output  from  the  SFP, 
we  also  proposed  to  use  very  low  refractive  index  cladding  on  each  microfiber  core.  By 
careful  choice  of  scintillating  dyes,  we  were  able  to  double  the  conversion  efficiency  to 
6%  with  polymer  based  scintillator. 

Other  superior  imaging  characteristics  of  the  SFP  include:  (1)  In  phosphor 
screens,  there  are  sources  of  non-Poisson  noise  related  to  the  scintillation  efficiency 
which  causes  degradation  of  screen  DQE.  Contrary  to  that  case,  the  proposed  SFP  is 
immune  to  this  noise,  i.e.,  the  scintillation  light  output  is  independent  of  the  x-ray 
conversion  location  within  the  SFP,  as  can  be  seen  in  Figure  1.  (2)  The  scintillation  light 
decay  time  is  only  a  few  nano-second.  This  guarantees  negligible  afterglow  effect  and 
no  degradation  of  temporal  MTF  when  used  in  fast  scanning  applications. 

One  of  the  potential  benefits  of  a  digital  mammography  system  is  that  it  will 
promote  digital  image  processing  and  other  CAD  methods,  which  have  the  potential  to 
reduce  the  screening  load  and  improve  the  diagnostic  accuracy  by  reducing  the  number 
of  false  negative  (missed)  diagnosis.  CAD  schemes  are  ultimate  goal  in  mammography. 
However,  its  success  depends  primarily  on  the  availability  of  high  quality  primary  digital 
mammograms.  The  study  by  Chan,  et  al  indicated  that  the  accuracy  in  the  detection  of 
microcalcifications  using  a  CAD  method  decreases  significantly  as  the  pixel  sizes 
increases  from  35  qm  to  70  pm  [11].  By  applying  wavelet  based  image  processing 
algorithms  to  digitized  mammograms,  Clark,  et  al  have  also  shown  that  clusters  of 
microcalcifications  and  their  morphologic  aspects  in  the  processed  mammograms  were 
clearly  presented  when  screen-film  images  were  digitized  with  35  pm  pixel  size,  but  very 
difficult  to  be  identified  in  the  original  mammograms  and  processed  mammograms  with 
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pixel  size  of  100  |im  [23].  The  proposed  digital  mammography  system  is  being 
developed  with  limiting  spatial  resolution  of  15  Ip/mm.  The  combination  of  this  high 
performance  digital  mammography  system  and  appropriate  CAD  methods  will  refine  the 
perception  of  mammographic  features  (including  lesions,  masses,  and 
microcalcifications)  and  greatly  improve  the  sensitivity  and  specificity  in  the  early 
detection  of  breast  cancers. 


BODY 

PLASTIC  SCINTILLATING  FIBER  PLATE 

A  schematic  of  the  prototype  scintillating  fiber  plate  (SFP)  based  digital 
mammography  detector  is  shown  in  Figure  2.  The  5  cm  long,  0.8  cm  wide  slot  shaped 
detector  is  formed  by  two  modules.  Each  module  is  composed  of  a  2  cm  thick  SFP,  a 
microfiber  fiber  image  guide  with  1:1  input  to  output  ratio,  and  a  front-illuminated  1100 
X  330  pixels  CCD  with  24  pm  pixel  size.  The  image  guide  is  composed  of  the  same 
fibers  used  to  make  the  SFP,  and  is  actually  a  continuation  of  the  SFP.  The  bend  in  the 
image  guide  ensures  that  the  CCDs  are  not  directly  exposed  to  the  primary  x-ray  field. 

The  properties  of  the  plastic  scintillating  fibers  used  for  this  application  is  shown 
in  the  following  table. 


Microfiber 

Core 

Cladding 

Diameter 

Material 

Refractive  index 

Material 

Refractive  index 

20  pm 

Polystyrene  +  7.5%  tin 

1.59 

Fluorinated  Polymer 

1.35 

Scintillation  light  produced  by  the  ionizing  photoelectron  is  guided  by  internal 
reflections  along  the  fiber.  The  fraction  F,  of  scintillation  light  which  is  transmitted 
within  the  fiber  is  given  by 

F  =  -  (1  -  )  =  7.5% 

^  ^core 

where  n^  and  n^,^^  are  the  refractive  indexes  of  the  optical  fiber  cladding  and  core 
materials.  Due  to  the  use  of  Fluorinated  Polymer  as  the  cladding  in  our  plastic  scintillating 
fibers,  this  fraction  ,  F,  is  increased  to  7.5%  compared  to  the  fraction  of  3%  for  typical 
plastic  optic  fibers. 

We  proposed  to  use  amorphous  fluoropolymer  AF  1600  as  the  cladding  material 
which  theoretically  shall  provide  a  9%  scintillation  light  collection  efficiency.  During  the 
progress  of  this  project,  we  found  that  properties  of  Fluorinated  Polymer  cladding  and  tin 
loaded  polymer  core  are  matched  better  than  AF  1600  and  the  tin  loaded  polymer  core. 
The  measured  numerical  apertures  are  very  close  for  tin  loaded  fibers  cladded  with 
Fluorinated  Polymer  and  AF  1600.  Because  Fluorinated  Polymer  is  much  cheaper  than 
AF  1600.  We  decided  to  use  Fluorinated  Polymer  as  the  cladding  material  for  fibers  used 
to  develop  the  detector  for  mammography. 
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Because  of  the  low  Z  properties  of  plastic  material,  a  large  fraction  of  interactions 
between  incident  x-ray  photons  and  the  fiber  material  are  Compton  scattering.  Scattered 
x-ray  photons  carry  a  large  portion  of  incident  energy  away  from  the  first  interaction  site 
and  may  register  false  spatial  information  at  remote  sites  within  the  SFP.  This  will 
decrease  image  resolution  and  reduce  the  signal  to  noise  ratio.  To  convert  the  incident  x- 
rav  photon  energy  into  useful  image  information  more  efficiently,  we  have  successfully 
loaded  7.5%  bv  weight  of  tin  element  into  plastic  scintillating  fiber  core.  The 
scintillation  light  loss  due  to  quenching  is  measured  to  be  less  than  10%.  At 
mammographic  x-ray  energy  range,  this  will  increase  the  stopping  power  significantly 
within  a  short  fiber  length  and  also  shift  the  x-ray  interactions  with  the  SFP  to  be 
photoelectric  effect  dominant. 

One  potential  problem  associated  with  a  tin  loaded  SFP  is  the  scintillation  light 
contribution  from  the  absorption  of  characteristic  x-rays  generated  within  the  SFP.  Since 
characteristic  x-rays  (  K  and/or  L  x-rays)  are  emitted  almost  isotropically  in  all 
directions,  their  reabsorption  in  the  detector  leads  to  loss  of  spatial  resolution  [24-27]. 
For  mammography,  the  K  and  L  x-rays  of  tin  (K-edge  at  29.20  keV,  and  =  4  keV)  are 
encountered  [28-30].  When  the  incident  x-ray  energy  is  less  than  the  tin  K-edge,  the 
fraction  of  energy  carried  by  interacting  photons  that  is  transferred  to  L  x-rays  is  given 
by: 


where  (la/p)^  is  the  mass  attenuation  coefficient  for  L-shell  photoelectric 
interactions  and  (li/p)^  is  the  total  mass  attenuation  coefficient.  E  is  the  incident  photon 
energy,  is  the  energy  of  the  L  x-ray  photon,  and  co^  is  the  L-shell  fluorescent  yield. 
The  x-ray  attenuation  characteristics  and  L(E)  for  the  7.5%  tin  loaded  plastic  scintillating 
fiber  at  20  keV  incident  x-ray  energy  are  listed  in  the  table  below. 


Density 

(g/cm') 

(m/p)l 

(cmVg) 

(p/p)^ 

(cmVg) 

®L 

(%) 

E. 

(keV) 

L(20  keV) 
(%) 

7.5%  Sn  Load  SFP 

1.13 

1.70 

1.87 

6.65 

3.8 

1.15 

It  is  seen  that  only  about  1%  of  the  incident  photon  energy  is  transferred  to  the  L 
x-ray  energy.  Since  the  fraction  of  x-ray  photons  with  energy  greater  than  30  keV  is 
either  zero  or  very  small  in  typical  mammography  x-ray  energy  spectra,  the  effect  of 
characteristic  x-ray  emission  and/or  reabsorption  within  the  SFP  shall  be  minimum. 

We  proposed  to  load  10%  tin  by  weight  into  the  fiber  core.  Although  we  have 
produced  plastic  scintillators  with  10%  tin  by  weight,  we  found  from  measurements  that 
loading  of  7.5%  tin  by  weight  generates  more  scintillation  light  than  the  loading  of  10%  tin 
by  weight.  In  fact,  the  scintillation  light  generation  increases  as  the  fraction  of  tin  loading 
increasing  from  0%  to  about  7.5%  by  weight,  but  decreases  as  the  fraction  of  tin  loading 
increasing  further.  This  is  the  result  of  two  opposite  processes:  loading  tin  improves  the 
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x-ray  energy  absorption  within  the  fiber  core,  but  decreases  the  scintillation  light  output 
due  to  the  quenching  effect.  7.5%  tin  by  weight  is  an  optimized  loading  fraction  for  this 
application. 

To  better  illustrate  the  advantage  of  our  SFP,  a  drawing  of  the  parallax  corrected 
SFP  is  shown  in  Figure  3. 

The  calculated  quantum  absorption  efficiency  of  this  2  cm  thick,  7.5%  tin  loaded 
SFP  is  shown  in  Figure  4.  This  absorption  efficiency  is  superior  to  those  of  the  mostly 
used  Min-R  screens  for  mammography  [20]. 

CCD  CAMERA  AND  READOUT  ELECTRONICS 

The  specifications  of  the  CCDs  used  (KAF-0360,  Eastman  Kodak  Company)  are 
shown  in  the  table  below. 


Size 

26.4  mm  x  7.92  mm 

Pixel  size 

24  pm  X  24  pm 

Array 

1100x  330 

Full  Well  Capacity 

200,000  electrons 

Dark  Current  @25°C 

1080  e/pixel/second 

Readout  Noise  @1  MHz  @25°C 

50  e'  rms/pixel  (see  note) 

Amplifier  Sensitivity 

10  pV/e' 

Quantum  Efficiency 

average  ~40%  for  the  light  output  from  SFP 

note:  correlated  double  sampling  is  assumed 


Images  will  be  acquired  by  scanning  a  fan  x-ray  beam  and  the  slot  detector  in  a 
direction  parallel  to  the  short  dimension  of  the  detector  (7.92  mm,  330  pixels).  To  allow 
a  smooth  mechanical  motion,  the  CCDs  are  operated  in  the  time-delayed  integration 
(TDI)  mode.  Each  CCD  is  capable  of  bi-directional  TDI  mode  operation,  and  operated  in 
Multi-Pinned-Phasing  (MPP)  mode  of  operation  to  reduce  CCD  pixel  dark  current 
generation, 

TDI  is  based  on  the  concept  of  taking  multiple  exposure  of  the  same  object 
[31,32].  In  TDI  operation,  as  the  detector  is  moved  across  the  breast  at  constant  speed  the 
charge  collected  in  each  pixel  of  the  CCD  is  shifted  down  its  column  at  the  same  speed  as 
that  of  the  scan  but  in  the  opposite  direction.  This  allows  the  charge  generated  in  one 
portion  of  the  image  to  integrate  in  the  detector  (CCD)  during  image  acquisition, 
eventually  providing  a  signal  330  times  larger  than  that  accumulated  in  any  individual 
pixel.  The  charge  packets  in  each  row  (1024  out  of  1100  pixels)  are  readout  at  2  MHz 
when  they  reach  the  last  row  (also  called  the  serial  register)  in  the  CCD,  a  line  of  the 
final  image  is  then  formed.  The  CCD  readout  noise  only  contributes  once  to  the 
integrated  charge  signal. 

A  modular,  low  noise,  fast  readout  CCD  camera  has  been  developed  for  this 
project.  This  CCD  camera  is  designed  to  be  operated  at  ambient  temperature.  The 
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output  from  a  CCD  is  amplified  and  then  digitized  at  2  MHz  with  a  14  bit  analog-to- 
digital  converter  (ADC)  located  in  the  camera  head.  In  our  prototype  detector,  the  two 
CCDs  are  readout  in  parallel  in  order  to  maintain  the  5  cm/second  scanning  speed. 
Correlated  double  sampling  (CDS)  [31]  is  implemented  to  reduce  the  effect  of  CCD  reset 
noise.  The  image  data  is  then  captured  by  a  fast  image  grabber  developed  by  Imaging 
Technology  Inc.  This  grabber  is  capable  of  acquiring  image  data  at  35  MByte/s,  which 
can  handle  the  simultaneous  output  from  eight  of  our  camera  modules  (2  MHz  x 
2Byste  x  8  =  32  MByte/s). 


Fixed  pattern  noise  (FPN)  will  be  removed  by  a  simple  algorithm  which  is  being 
implemented  on  line  during  the  scanning  process  in  the  camera  readout  hardware. 
Before  image  acquisition,  two  line  correction  tables  (8800  pixels/line)  will  be  recorded 
first.  A  dark  correction  table  I^  is  generated  by  scanning  the  detector  in  its  normal  TDI 
operation  mode  for  the  entire  image  area  without  x-ray  exposure  to  the  detector.  The  ith 
pixel  in  the  dark  correction  table  is  calculated  from  averaging  the  pixel  intensity  over  the 
total  pixels  in  the  ith  column  along  the  TDI  direction.  A  flat  field  correction  table  1^  is 
obtained  in  the  same  way  with  high  exposure  to  the  detector  so  that  the  x-ray  intensity 
fluctuation  is  negligible.  During  image  acquisition,  each  line  of  the  original  image  I„j 
will  be  corrected  on  line  by  the  following  algorithm  [32,33] 


/  _ — 


where  1^^  is  the  jth  line  of  the  corrected  image,  F  is  an  arbitrary  value.  The  x-ray 
quantum  noise  in  the  corrected  pixel  data  will  equal  to  that  in  the  uncorrected  pixel  data 
because  the  averaging  process  and  high  x-ray  exposure  involved  to  obtain  the  correction 
tables. 


EXPERIMENTAL  SETUP 


The  imaging  performance  of  the  prototype  scanning  slot  digital  mammography 
detector  will  be  tested  by  fixing  the  x-ray  tube  and  detector  at  60  cm  distance,  while 
testing  phantoms  are  moved  by  a  linear  motion  table  in  the  horizontal  direction  from  one 
side  of  the  detector  to  the  other  side.  Testing  phantoms  are  mounted  on  a  5  mm  acrylic 
plate,  which  is  supported  by  the  linear  motion  table.  The  x-ray  generator  is  capable  of 
operating  continuously  for  4  seconds  with  uniform  output.  Phantom  images  will  be 
obtained  using  a  Mo-anode  x-ray  tube  with  an  0.3  mm  focal  spot  size  and  30  pm  Mo 
filter.  Figure  5  illustrates  the  functional  diagram  of  this  experiment  setup. 

The  synchronization  between  the  phantom  movement  and  CCD  pixel  charge  shift 
is  the  critical  circuit  that  permits  the  TDI  mode  of  imaging  operation  [31].  A 
synchronization  signal  is  required  for  each  line  to  shift  the  integrating  image  one  pixel  in 
the  opposite  direction  of  the  moving  phantom.  In  our  experimental  setup,  an  electronic 
pulse  signal  which  is  related  to  the  phantom  movement  was  obtained  through  the 
application  of  a  linear  encoder  to  the  linear  table.  This  signal  was  modified  as  the 
application  demands  and  sent  to  the  CCD  camera  so  that  the  charge  shifting  is  slaved  to 
the  object  movement. 
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The  linear  encoder  has  a  resolution  of  1  ixm,  i.e.,  the  encoder  can  produce  one 
electronic  pulse  every  1  pm  of  object  travel.  The  synchronization  signal  was  generated  by 
a  timing  circuit  which  counts  the  number  of  encoder  outputs  at  an  24  pulses  interval  (24 
pm  linear  movement).  In  this  way,  any  speed  variation  in  the  object  motion  is 
automatically  coupled  to  CCD  clocking  which  moves  the  charge.  Spatial  resolution 
degradation  due  to  velocity  mismatch  between  phantom  and  CCD  pixel  charge  movement 
is  minimized. 

REJECTION  OF  SCATTERED  RADIATION 

The  absorption  of  scattered  photons  from  breast  by  the  x-ray  detector  degrades 
image  contrast  and  increases  the  noise  level  in  the  breast  images.  This  makes  the 
perception  of  microcalcification  and  small  differences  in  tissue  density  more  difficult. 
The  amount  of  degradation  on  contrast  and  SNR  depends  upon  the  ratio  of  scattered  to 
primary  photons  absorbed  by  the  detector,  S/P.  S/P  is  a  function  of  x-ray  energy,  x-ray 
field  size,  detector  size,  breast  thickness,  and  breast  composition. 

By  collimating  the  x-ray  field  to  the  sensitive  area  of  the  slot  detector,  scattered 
radiation  can  be  effectively  reduced  [34].  To  study  the  amount  of  scattered  radiation 
encountered  in  scanning  slot  digital  mammography,  we  computed  the  S/Ps  using  Monte 
Carlo  method  under  the  proposed  imaging  geometry  [35].  X-ray  energy  spectra  were 
taken  from  the  measured  data  by  Fewell  et  al  [36].  Three  breast  compositions  were 
simulated  consisting  of  99.9%  adipose  +  0.1%  glandular  tissues  (adipose  breast),  50% 
adipose  +  50%  glandular  tissues  (average  breast),  and  0.1%  adipose  +  99.9%  glandular 
tissues  (glandular  breast)  [37].  The  error  on  each  value  of  S/P  due  to  statistical 
fluctuations  is  less  than  1%. 

Figure  6  shows  the  calculated  S/P  values  as  a  function  of  breast  thickness  for  the 
three  breast  compositions  for  a  typical  mammography  x-ray  energy  spectrum.  The  fact 
that,  when  there  is  no  airgap  between  the  compressed  breast  and  slot  detector,  S/P  ranges 
from  0.15  to  0.36  indicated  that  a  factor  of  1.15  to  1.36  in  the  reduction  of  image  contrast 
due  to  scattered  radiation.  Because  of  the  existence  of  this  relatively  large  amount  of 
scattered  radiation  level  for  the  scanning  slot  digital  mammography  system,  one  paper 
was  published  in  medical  physics  which  investigated  the  use  of  anti- scattering  grid  [38]. 
We  have  found  in  our  simulation  study  that  the  use  of  a  3  cm  airgap  significantly 
reduces  the  S/P,  as  also  shown  in  Figure  6.  The  increased  breast  dose  from  this  small 
airgap  is  almost  negligible. 

In  screen-film  mammography,  mammographic  grids  transmit  60%  to  75%  of  the 
primary  x-rays  and  absorb  75%  to  85%  of  the  scatter.  This  results  in  2  to  3  times 
increase  in  breast  dose.  The  resulted  S/P  ranges  from  about  10%  to  20%  for  breast 
thickness  from  3  cm  to  8  cm  [7,8]. 

We  concluded  that  airgap  technicue  is  much  more  efficient  than  grids  to  reduce 
the  amount  of  scattered  radiation  in  scanning  slot  digital  mammography.  An  optimized 
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airgap  will  be  determined  from  both  simulations  and  experiments  which  will  be 

performed  using  the  prototype  imaging  system. 

CONCLUSION 

To  summarize  our  progress  after  one  year  of  work,  we  have; 

(1)  successfiilly  developed  one  plastic  scintillating  fiber  slot  module  (SFP  +  bended  image 
guide)  with  7.5%  tin  loaded  into  the  scintillating  fiber  core  material.  Using  fluorinated 
polymer,  we  increased  the  scintillation  light  collection  efficiency  from  typically  3%  to 
7.5%.  The  fiber  core  material  also  consists  of  a  special  developed  scintillating  dye 
(Nanoptics  Inc.)  which  has  a  measured  energy  conversion  efficiency  of  4.5%  from  x- 
ray  photon  energy  to  visible  photon  energy,  a  1.5  times  improvement  compared  to 
most  plastic  scintillators.  Experiment  to  measure  the  scintillation  light  output  from  the 
SFP  is  being  conducted. 

These  achievements  are  critical  in  realizing  the  goals  of  this  research.  The  amount 
of  scintillation  light  output  from  SFP  determines,  to  a  large  extent,  the  ultimate 
detector  DQE.  From  the  above  measurement,  we  estimate  that  the  detector  zero 
spatial  frequency  DQE  is  greater  than  70%  for  typical  detector  exposure  level  (>  3 
mR)  encountered  in  mammography. 

(2)  set  up  the  testing  system  to  perform  the  imaging  performance  measurements  at 
Nanoptics,  Inc.  This  setup  includes  a  mammography  x-ray  unit  (Senograph  500t),  a 
modified  PC  based  high  speed  PCI  bus  frame  grabber,  and  a  linear  scanning  table  with 
a  computer  controlled  motion  controller  which  generates  the  synchronization  signals 
for  CCD  camera  electronics:. 

The  synchronization  between  object  motion  and  CCD  charge  shifting  is  very 
important  to  achieve  the  goal  of  15  Ip/mm  detector  limiting  spatial  resolution.  Also  it 
is  critical  to  align  the  CCD  columns  to  the  scanning  direction.  In  the  proposed 
imaging  system,  the  fast  scanning  application  requires  the  large  amount  of  digitized 
image  data  to  be  acquired  and  stored  in  very  short  time.  The  success  in  setting  up 
these  components  allows  the  prototype  SFP  detector  imaging  performance  to  be 
evaluated  accurately. 

(3)  built  the  CCD  camera  readout  electronics.  A  measured  total  thermal  and  readout 
noise  level  of  100  e'  rms  has  been  achieved  at  2  MHz  readout  rate  and  28°C.  The 
CCD  camera  and  readout  electronics  are  being  optimized  for  lower  noise  performance 
at  present. 

This  is  another  critical  component  in  the  prototype  scanning  slot  digital 
mammography  system  which  determines  the  detector  DQE  and  the  system  linear 
dynamic  range.  Our  goal  is  to  obtain  a  total  thermal  and  readout  noise  level  of  ~  50  e* 
rms  at  2  MHz  readout  rate  and  25°C. 

(4)  studied  the  effect  of  scattered  radiation  using  Monte-Carlo  methods.  It  is  found  that 
the  amount  of  scattered  radiation  present  in  the  prototype  imaging  system  is 
significant.  An  airgap  method  is  found  to  be  efficient  to  remove  the  scattered 
radiation.  This  technique  will  be  employed  in  the  digital  mammography  system  being 
developed. 
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Figure  7  shows  a  photograph  of  one  SFP  module,  two  CCDs,  and  the  frame 
grabber.  Figure  8  is  a  photograph  of  the  mammography  x-ray  unit  and  the  linear  scanning 
table.  Figure  9  (a)  shows  a  photograph  of  the  CCD  camera  electronics  and  one  CCD 
module.  Figure  9  (b)  also  shows  one  ADC  module  and  the  camera  readout  unit.  It  is 
noted  that  the  developed  CCD  camera  is  capable  of  support  eight  CCD  and  associated 
modules  which  will  form  a  CCD  camera  for  a  full  scale  scanning  slot  digital 
mammography  system. 

It  is  anticipated  that  breast  phantom  images  acquired  using  this  two  SFP-CCD 
module  prototype  unit  will  be  shown  in  late  November  at  the  1995  RSNA  annual  meeting 
in  Chicago. 
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ILLUSTRATIONS 


x-ray  quantum 


x-ray  quantum 


A  Plastic  Scintillating  M  icrofiber  Screen 

(b) 


Figure  1.  Light  dispersion  in  (a)  a  phosphor  screen,  (b)  a  plastic  scintillating  fiber  plate 


Incident  X-rays 


Figure  2.  Schematic  of  the  prototype  SFP  based  digital  mammography  detector. 
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Figure  3.  Parallax  corrected  SFP. 


Figure  4.  Absorption  efficiency  of  a  2  cm  thick,  7.5%  tin  loaded  SFP 
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(Image  capture)  control  signals 


Figure  5.  Schematic  of  the  experimental  setup 


Figure  6.  S/P  vs.  breast  thickness  for  the  proposed  digital  mammography  system 
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Figure  7.  A  photograph  of  one  SFP  module,  two  CCDs,  and  the  frame  grabber  board 
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Figure  8.  A  photograph  of  the  mammography  x-ray  unit  and  linear  scanning  table 
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(b) 

Figure  9.  (a)  A  photograph  of  the  camera  electronics  and  one  CCD  module;  (b)  The  box 
in  the  right  side  contains  the  camera  readout  unit  and  one  ADC  module. 
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